Summary: Diffuse optical tomography (DOT) is an attractive approach for evaluating stroke physiology. It provides hemodynamic and metabolic imaging with unique potential for continuous noninvasive bedside imaging in humans. To date there have been few quantitative spatial-temporal studies of stroke pathophysiology based on diffuse optical signatures. The authors report DOT images of hemodynamic and metabolic contrasts using a rat middle cerebral artery occlusion (MCAO) stroke model. This study used a novel DOT device that concurrently obtains coregistered images of relative cerebral blood volume (rCBV), tissue-averaged hemoglobin oxygen saturation (StO 2 ), and relative cerebral blood flow (rCBF). The authors demonstrate how these hemodynamic measures can be synthesized to calculate an index of the oxygen extraction fraction (OEF) and the cerebral metabolic rate of oxygen consumption (CMRO 2 ). Temporary (60-minute) MCAO was performed on five rats. Ischemic changes, averaged over the 60 minutes of occlusion, were as follows: rCBF ‫ס‬ 0.42 ± 0.04, rCBV ‫ס‬ 1.02 ± 0.04, ⌬StO 2 ‫ס‬ −11 ± 2%, rOEF ‫ס‬ 1.39 ± 0.06 and rCMRO 2 ‫ס‬ 0.59 ± 0.07. Although rOEF increased in response to decreased blood flow, rCMRO 2 decreased. The sensitivity of this method of DOT analysis is discussed in terms of assumptions about baseline physiology, and the diffuse optical results are compared with positron emission tomography, magnetic resonance imaging, and histology observations in the literature.
Summary: Diffuse optical tomography (DOT) is an attractive approach for evaluating stroke physiology. It provides hemodynamic and metabolic imaging with unique potential for continuous noninvasive bedside imaging in humans. To date there have been few quantitative spatial-temporal studies of stroke pathophysiology based on diffuse optical signatures. The authors report DOT images of hemodynamic and metabolic contrasts using a rat middle cerebral artery occlusion (MCAO) stroke model. This study used a novel DOT device that concurrently obtains coregistered images of relative cerebral blood volume (rCBV), tissue-averaged hemoglobin oxygen saturation (StO 2 ), and relative cerebral blood flow (rCBF). The authors demonstrate how these hemodynamic measures can be synthesized to calculate an index of the oxygen extraction fraction (OEF) and the cerebral metabolic rate of oxygen consumption (CMRO 2 ). Temporary (60-minute) MCAO was performed on five rats. Ischemic changes, averaged over the 60 minutes of occlusion, were as follows: rCBF ‫ס‬ 0.42 ± 0.04, rCBV ‫ס‬ 1.02 ± 0.04, ⌬StO 2 ‫ס‬ −11 ± 2%, rOEF ‫ס‬ 1.39 ± 0.06 and rCMRO 2 ‫ס‬ 0.59 ± 0.07. Although rOEF increased in response to decreased blood flow, rCMRO 2 decreased. The sensitivity of this method of DOT analysis is discussed in terms of assumptions about baseline physiology, and the diffuse optical results are compared with positron emission tomography, magnetic resonance imaging, and histology observations in the literature. Key Words: Diffuse optical tomography-Ischemia-Cerebral blood flow-Laser Doppler flowmetry-Tissue oxygen saturation-Cerebral metabolic rate of oxygen consumption.
Diffuse optical tomography (DOT) of the brain is an attractive new approach for evaluating stroke physiology. DOT can provide hemodynamic and metabolic imaging contrasts complementary to those of magnetic resonance imaging (MRI) and positron emission tomography (PET), and holds a unique potential for continuous noninvasive bedside imaging in humans (Benaron et al., 2000; Hintz et al., 1999) and densely sampled longitudinal studies in animals. However, experience with diffuse optical signatures in stroke is limited. The goal of this work is to establish new DOT hemodynamic and metabolic methodologies through measurements of a widely used middle cerebral artery occlusion (MCAO) stroke model (Koizumi et al., 1985; Longa et al., 1989) .
While tissue viability and function are often manifested in hemodynamic signatures, assays derived from hemodynamic measures can be complicated by the interplay between vascular supply, tissue oxygen consumption, and regulatory effects. A tissue volume with normal tissue oxygenation, for example, could be healthy, or could have decreased metabolic activity as a result of decreased vascular supply. Clearly, more comprehensive sets of hemodynamic data containing independent information about hemoglobin concentration, oxygenation, and flow are desirable to reduce ambiguities. We address these issues in the present work using a novel hybrid DOT continuous-imaging device. Diffuse correlation flowmetry probes cerebral blood flow using the dynamic fluctuations of the diffusing light (Cheung et al., 2001) . We combine the correlation flowmetry with traditional diffuse photon density wave measurements of static hemoglobin concentrations for monitoring relative cerebral blood volume (rCBV) and tissueaveraged hemoglobin saturation (StO 2 ). Together these hemodynamic measures provide several potential indicators of ischemic tissue, and enable one to better distinguish the origin of metabolic change.
Several imaging techniques have been exploited to measure variations in cerebral blood flow in laboratory animals and in humans, including PET-based (Frackowiak et al., 1980) and MRI-based (Detre and Alsop 1999) techniques, laser Doppler scanning (Nielsen et al., 2000) , and speckle contrast imaging (Dunn et al., 2001 (Dunn et al., , 2003 . Measurement of cerebral blood flow with PET, although quantitative, is expensive and lacks the spatio-temporal resolution important in animal studies. Use of MRI with arterial spin tagging of water (Williams et al., 1992) or exogenous contrast agents (Zaharchuk et al., 1998 ) is attractive because rCBV can be obtained along with rCBF. Laser Doppler scanning and speckle contrast imaging have proven useful for flow studies in animals but require the skull to be removed or thinned appreciably.
Images of cerebral tissue oxygenation have been obtained directly, by measuring hemoglobin oxygen saturation using oxyhemoglobin and deoxyhemoglobin absorption of light (intrinsic optical signal), and indirectly, by introducing into the circulation tracers whose phosphoresce is proportional to oxygen tension (extrinsic optical signal). In planar illumination reflectance imaging setups, light in the visible and ultraviolet wavelengths less than 670 nm cannot penetrate the skull, so the bone must be either appreciably thinned or removed for these studies. In these exposed cortex preparations, oxygen signals originate from the tissue surface (less than 500 m) (Grinvald et al., 1986; Malonek and Grinvald 1996; Mayhew et al., 1999) . Dyes such as Pd meso-tetra-(4-carboxyphenyl)-porphine bind to the albumin in the blood and experience oxygen-dependent quenching of phosphorescence when the tissue is illuminated with 535-nm wavelength light. As a result, near-surface images of regional oxygen tension can be produced (Vinogradov et al., 1996) . Near-infrared spectroscopy (NIRS) methods use light in the 690-nm to 850-nm range with spatially separated source and detector pairs, permitting noninvasive measurements to penetrate the skull, albeit with reduced spatial resolution due to tissue scattering (Jobsis 1977; Villringer and Chance 1997) . This technique permits measurement of hemoglobin oxygen saturation at depths of up to several centimeters into the tissue.
It is even more difficult to image cerebral oxygen metabolism (CMRO 2 ). In humans, PET scanning during inhalation of oxygen (Frackowiak et al., 1980) provides an image of oxygen extraction fraction (OEF) that, in combination with a sequential measurement of CBF, permits the calculation of CMRO 2 . However, the expense and inaccessibility of PET, along with relatively poor spatial resolution, limits the use of this technique to humans or to large laboratory animals. Alternatively, several groups have pursued methods to synthesize CMRO 2 from multiparametric data sets with varying degrees of success (Ances et al., 2001; Dunn et al., 2003; Mandeville et al., 1999; Mayhew et al., 2000) . In this article, we describe a technique permitting the noninvasive measurement of cerebral blood flow, cerebral blood volume, and tissue oxygen extraction fraction, along with an index of cerebral oxygen consumption. We demonstrate the use of this technique by monitoring changes in these parameters during focal cerebral ischemia. To our knowledge, these are the first in vivo images of cerebral oxygen consumption based on diffuse optical tomography.
MATERIALS AND METHODS

Animal preparation
Adult male Sprague-Dawley rats weighing 300 to 325 g were fasted overnight but permitted free access to water. The animals were anesthetized (1% to 1.5% halothane, 70% nitrous oxide, 30% oxygen), and catheters were placed into a femoral artery to monitor arterial blood pressure. Body temperature was maintained at 37°C ± 0.5°C with a thermostatically controlled heating pad. The animals were tracheotomized, mechanically ventilated, and the head was fixed on a stereotaxic frame. The scalp was reflected because the fur introduces a slight distortion into the near-infrared signals. To facilitate access to the neck during the late stages of the MCAO surgical procedure, a custom stereotaxic stage permitted the animal to be turned to the prone position. After final animal positioning, the fiber optic/lens assembly ( Fig. 1 ) was placed to sample a region symmetrically about midline and covered a region from 1.5 mm anterior to 7.5 mm posterior of the rhinal fissure (Fig. 2) .
FIG. 1.
Diffuse light reflected from the tissue was detected by four avalanche photodiodes and demodulated to deduce the source-detector position-dependent amplitude and phase variations of the diffusive photon density waves (DPDW). For the diffuse light correlation flowmetry measurements, single-mode fibers relayed single speckles to the avalanche photodiodes. All four lasers were multiplexed onto a two-dimensional 4 × 3 grid (10 mm × 10 mm) of 12 optical fibers located in the image plane of a camera. A relay lens projected the probe grid onto the sample (e.g. rat cranium) permitting non-contact measurements. Crossed polarizers between the source and detector fibers suppressed superficial reflections. DPDW measurements were temporally interlaced between successive diffuse correlation measurements.
Focal ischemia. Focal ischemia was induced by intraluminal suture occlusion of the middle cerebral artery (Koizumi et al., 1985; Longa et al., 1989) . Briefly, the right common carotid artery was isolated and separated from the surrounding fascia. The right external carotid artery was ligated and a siliconecoated nylon filament was inserted through the external carotid by way of the common carotid artery into the internal carotid artery and advanced until resistance was noted (18 to 20 mm). The nylon filament had a rounded tip enlarged to approximately 0.35 mm in diameter with heat, and was coated with silicone to a diameter of 0.35 mm over a distance of 5 mm from the tip. Before the final advance of the filament into position for occlusion, the rat was placed in the custom stereotaxic holder in the prone position. The lens-coupled probe was positioned as described previously and 20 minutes of baseline data were obtained. Final advance of the suture occurred with the animal in the stereotaxes and while DOT measures were being taken. After 60 minutes of occlusion, the suture was retracted for reperfusion. The wounds were closed, the anesthetic terminated, and the animals were returned to their cages. Twentyfour hours after occlusion, the animals were killed and the brains were removed and stained with 2,3,5-triphenyltetazolium chloride (TTC) as described previously (Takahashi et al., 1997) .
Diffuse optical tomography methods
Experimental measurements. Figure 1 shows a schematic of the instrumentation. A detailed description of the device is provided in Cheung et al. (2001) . Briefly, diffuse photon density waves were derived from three intensity modulated (70-MHz) laser diodes (690, 750, and 830 nm). Diffuse light reflected from the tissue was detected by four avalanche photodiodes and demodulated to deduce the source-detector position-dependent amplitude and phase variations of the diffusive waves. The diffuse light correlation flowmetry measurements used a single-mode, large coherence length (more than 1 m) laser source operating at 790 nm (Model TC40, SDL Inc., San Jose, CA, U.S.A.). Single-mode fibers relayed single speckles to the avalanche photodiodes. A correlator chip (Correlator.com, Bridgewater, NJ, U.S.A.) was used to analyze the time-variant speckle intensity, obtaining temporal intensity autocorrelation functions of the diffuse light. All four lasers were multiplexed onto a two-dimensional 4 × 3 grid (10 mm × 10 mm) of 12 optical fibers located in the image plane of a camera. A relay lens projected the probe grid onto the sample (e.g., rat cranium) permitting noncontact measurements ( Figs. 1 and 2 ). Crossed polarizers between the source and detector fibers suppressed superficial reflections. Diffuse photon density wave spectroscopy measurements were temporally interlaced between successive diffuse correlation spectroscopy measurements.
Hemoglobin concentrations. We modeled frequencydomain diffuse photon density waves using an extrapolated zero boundary, semi-infinite media solution (Haskell et al., 1994) as outlined in the Appendix. Briefly, diffuse photon density waves were fit to an extrapolated boundary condition solution for semi-infinite diffuse photon density waves at source detector separations from 2.7 to 10 mm. Absorption and scattering coefficients were obtained at each of the three wavelengths. The absorption coefficients were converted into hemoglobin concentrations (C) using spectral decomposition, (Prahl, 2002; Wray et al., 1988) , for water (Hale and Querry, 1973) , and for lipids (Cubeddu et al., 2000) . In addition, we assumed a 50/50 water/lipid background ratio.
Correlation flowmetry. We determined the motional dynamics of the medium by measuring the spatio-temporal dependence (i.e., r and t dependence) of the detected diffuse light intensity I(r,t). We computed the (normalized) intensity autocorrelation function of the diffuse light intensity, and from the intensity autocorrelation function we calculated the diffuse electric field temporal autocorrelation function, which satisfies the correlation diffusion equation Boas and Yodh, 1997) . The correlation function decay depends on the constant, k, defined as the following:
where is the autocorrelation time delay and k 0 is the photon wavenumber in the medium. The parameter ⌫ ‫ס‬ ␣D B characterizes blood flow; ␣ is the probability that a photon is scattered by a moving "cell" and is presumed proportional to cerebral blood volume (Cheung et al., 2001) . The blood flow speed was parameterized by a Brownian diffusion constant, D B . Details on these approximations have been published previously (Boas and Yodh, 1997; Cheung et al., 2001 ).
Image reconstructions
Concentration images. Differential image reconstructions were obtained using a linear Rytov approximation approach (Kak and Slaney, 1988) . In this work, we only used intensity data to reconstruct absorption perturbations. In the Rytov formulation, the scattered field is related to the optical properties (in discrete notation) by the following matrix equation:
Here, x is a vector of differential absorption x j = ␦µ a j , for voxels spanning the three-dimensional volume of interest. The vector y contains differential measurements, (r d(i) ) pair (index i), and the sensitivity matrix, A, is a forward model, based on the light diffusion approximation, that predicts measurement vector, y, for given absorption image, x.
We obtained an inverse solution x ‫ס‬ A # ,␣ y meas using depthdependent Tikhonov regularization and a Moore-Penrose generalized inverse as outlined in Appendix A. A matrix, A ,␣ # for wavelength and regularization ␣, effectively maps a measurement vector y onto an image vector x.
Inverse matrices A ,␣ # were constructed for each wavelength. The reconstruction volume consisted of a two-dimensional slice extending from 1.5 mm anterior of bregma to 7.5 mm posterior of bregma, 4.5 mm on either side of midline and from a depth of 1.0 mm to 2.5 mm below the top of the skull (i.e., the upper ∼1.5 mm of brain tissue). Reconstructions were performed for the full time course of measurements, frame by frame, for each wavelength. The resulting absorption images were converted on a pixel-by-pixel basis into [HbT] and StO 2 images using spectral decomposition as described previously.
The time-series images were processed using the following procedure. All times are relative to the occlusion time at t ‫ס‬ 0. The baseline time period of t ‫ס‬ −28 to −16.8 minutes was used to calculate a baseline mean value and standard deviation for each pixel. Three subsequent time periods were analyzed: the period from t ‫ס‬ −16.8 to −11.2 minutes represented a baseline image, the period from t ‫ס‬ 5.6 to 56 minutes (during occlusion) represented an occlusion image, and the period from t ‫ס‬ 75.6 to 92.4 minutes yielded a reperfusion image. The images were then averaged across rats and quantitative time traces were generated using a region-of-interest (ROI) analysis.
Flow images. Flow images were obtained by extending the standard techniques described in the previous section for imaging applications to correlation spectroscopy flowmetry methods to include imaging (Boas and Yodh, 1997) . In the Rytov formulation (y ‫ס‬ Ax) for correlation flowmetry, x is a vector of differential flow values, x j = Ѩ⌫ j , for each voxel (index j). The vector y contains differential measurements, y i = ln͓⌽ ͑r s(i) ,r d(i) ͒ր⌽ o ͑r s(i) ,r d(i) ͔͒, for each source (r s(i) ) and detector (r d(i) ) pair (index i). The sensitivity matrix, A, is the forward model based on the light diffusion approximation that predicts a measurement vector, y, for a given flow image, x.
We obtain an inverse solution x‫ס‬ A F,a # y meas using depthdependent Tikhonov regularization and a Moore-Penrose generalized inverse as outlined in the Appendix. The resulting flow time-series images were processed into images and ROI time traces following the same procedures as were used for interpreting hemoglobin concentrations time-series images.
Oxygen extraction fraction and index of cerebral metabolic rate of oxygen consumption:
Several authors have discussed methods for synthesizing rCMRO 2 values from hemodynamic variables (Ances et al., 2001; Hoge et al., 1999; Hyder et al., 1998; Mandeville et al., 1999; Mayhew et al., 2000) . Here we follow those discussions and direct readers to the listed references for more details. The cerebral metabolic rate for oxygen can be calculated from OEF, CBF, and arteriolar oxygen concentration ([O 2 ] a ) using Fick's law:
For relative changes in these variables, we define
The conventional formula for the relative change in cerebral oxygen metabolism is then rCMRO 2 = rOEF * rCBF (7)
assuming that [O 2 ] a does not change. Our measurement of diferential flow is equivalent to rCBF, and we can thus calculate rCMRO 2 with knowledge of rOEF. We interpret the tissue hemoglobin saturation measure using a compartmental model (Cheung et al., 2001; Gesztelyi et al., 1993; Mayhew et al., 2001 ). The optical signal originates from the hemoglobin in the tissue seen by the probe, and will be a mixture of arterial, capillary and venous blood. This can be formulated as follows:
where SaO 2 , ScO 2 , and SvO 2 are the arteriolar, capillary, and venous saturations, respectively, and k 1 , k 2 , and k 3 are the respective weights of each compartment to the total blood volume (k 1 + k 2 + k 3 ‫ס‬ 1). A standard simplification is to represent ScO 2 as a weighted average of the arterial and venous saturations:
where k 4 + k 5 ‫ס‬ 1. The system can therefore be reduced to a two-compartment model:
where ␥ indicates percentage of blood volume contained in the venous component of the vascular system, and 
SaO 2 is obtained from blood gas measurements. Therefore, we can obtain OEF directly from the measured StO 2 values. Note that if we assume ␥ remains constant, the compartment parameter divides out of our measures of rOEF. Thus, rCMRO 2 can be directly calculated from rOEF and rCBF measures using rCMRO 2 ‫ס‬ rOEF × rCBF. The tissue-compartmental model assumptions are addressed further in the Discussion.
RESULTS
The blood gas status of the animals was in the normal range. Occlusion of the MCA did not produce any significant change in pH, PaCO 2 , PaO 2 , or SaO 2 (Table 1) . The baseline optical properties and hemoglobin concentrations were obtained from data and fits as shown in Fig. 3 using the diffuse photon density wave analysis presented in Materials and Methods. The results All values are mean ± SD (n ‫ס‬ 5).
averaged over five rats are shown in Table 2 . The baseline optical properties were used to construct the inversion matrices in the image reconstruction process. Focal ischemia was confirmed for each rat with histologic analyses. Figure 4 shows a TTC stain of the infarct region and the spatial slice reconstructed with DOT. The measurements cover tissue within the infarct volume, adjacent to the infarct volume, just outside the infarct volume, and an equivalent tissue volume on the contralateral side. Images were reconstructed for all five animals. These images were then averaged and images were produced on the resulting five-animal-averaged image series as described in Materials and Methods. Images of [Hbt] , StO 2 , and relative cerebral blood flow (rCBF) are shown in Fig. 5 for time points representing baseline (t ‫ס‬ −16.8 to −11.2 minutes), occlusion (+5.6 to +56 minutes), and reperfusion (t ‫ס‬ 75.6 to 92.4 minutes). Regions of interest within the images were defined relative to bregma (Fig. 6 ) for ROI-1, an ischemic region (x ‫ס‬ 0.3 to 4.8 mm, y ‫ס‬ 2.7 to 4.5 mm); ROI-2, a periischemic region towards midline (x ‫ס‬ 0.3 to 4.8 mm, y ‫ס‬ 0.9 to 2.7 mm); ROI-3, a posterior periischemic region (x ‫ס‬ 4.8 to 6.6 mm, y ‫ס‬ 0.9 to 4.5 mm); and ROI-4, a contralateral control region (x ‫ס‬ 0.3 to 4.8 mm, y ‫ס‬ 0.9 to 4.5 mm). Quantitative time traces for these regions are plotted in Fig. 7 . Time-averaged signals (from 5 to 55 minutes after occlusion) are detailed in Table 3 and shown in Fig. 8 . The statistics represent the SD distribution of measures across the five animals.
In the ischemic ROI-1, occlusion decreased relative flow to 42% ± 4% of baseline. When the filament was removed, flow rapidly increased to close to the preischemic level (85% ± 20%) and remained at this level throughout the reperfusion period. In the two peri-infarct regions shown in Fig. 4 , blood flow decreased to 63% and 83% of the pre-ischemic flow and remained relatively constant throughout the occlusive period. As was the case for region 1, removal of the filament leads to restoration of blood flow in these regions. Blood flow in the left (control) hemisphere remained relatively constant throughout ischemia and reperfusion (102% ± 10%).
The changes in oxygen saturation were somewhat similar to the changes in cerebral blood flow. StO 2 decreased in the ischemic hemisphere immediately on occlusion and remained depressed until release. The greatest decrease occurred in the core of the MCA territory (59% ± 2%) with smaller changes in the two more peripheral regions. Whereas StO 2 in the core was lower than in the peri-ischemic regions in the early ischemic period, by the end of the ischemia all three regions were almost equal due to a gradual, but slight, increase in StO 2 in the core over the period of ischemia. Assuming that the amount of venous blood in the region of interest does not change after occlusion (␥ ‫ס‬ constant; see Discussion), rOEF in ROI-1 was 1.39 ± 0.06, whereas rOEF in regions 2 and 3 were 1.29 ± 0.06 and 1.21 ± 0.05, respectively. rOEF in the control region was slightly below (but not significantly different from) unity (Table 3) . 690 nm 0.22 ± 0.06 15.3 ± 2.0 70 ± 15 32 ± 9 103 ± 22 69 ± 4 750 nm 0.26 ± 0.04 13.6 ± 0.9 830 nm 0.25 ± 0.05 12.5 ± 1.1 * All values are mean ± SD (n ‫ס‬ 5).
FIG. 3.
Amplitude and phase measurements using frequency domain diffuse wave (70 MHz) at source detector separations of 2.7 to 10 mm at each of three wavelengths (690, 750 and 830 nm). Data is shown for one representative rat. The amplitude decay, and phase increase as a function of source detector separation are fit using a diffusive light modeling (see text) to obtain quantitative measures of tissue averaged absorption and scattering optical properties of rat head (n = 5) (see Table 2 ).
The changes in rCMRO 2 (Fig. 6 and Table 3) display the competing effects of decreased CBF and increased OEF. Immediately on occlusion, we found the greatest decreases of rCMRO 2 ‫ס‬ 0.59 ± 0.07 in the ischemic ROI-1. A smaller decrease of rCMRO 2 ‫ס‬ 0.8 ± 0.1 occurred in ROI-2, and rCMRO 2 remained close to baseline in ROI 3 (rCMRO 2 ‫ס‬ 1.1 ± 0.11) and in the control ROI-4 (rCMRO 2 ‫ס‬ 0.87 ± 0.12). During reperfusion, the values for rCMRO 2 returned to near-baseline values for all regions.
DISCUSSION
We have presented the results of a multiparametric diffuse optical imaging study of ischemia. We now discuss these results in the context of previous histological cryomicrospectrophotometric studies and minimally invasive MRI, PET, and deep-tissue optical studies. We also discuss the influence of model assumptions on the calculation of the index rCMRO 2 .
Baseline optical properties, hemoglobin concentrations, and oxygen extraction fraction
Baseline tissue saturation and oxygen extraction fraction are important measures of tissue status and are crucial to quantitative studies of relative changes since they represent the denominator in differential measures, baseline values are crucial to quantitative studies of relative changes. We found a baseline StO 2 value of 69% ± 4%. For comparison, Weiss et al. (1996) have used a cryomicrospectrophotometric technique to examine blood oxygen saturation in both arterioles and venules of the rat cortex ex situ (Narayanan et al., 2000) . Depending on rat preparation, reported values of SvO 2 for normal cortex range from 48% (Weiss et al., 1996) to 62% (Narayanan et al., 2000) . To interpret these values in terms of StO 2 , we used Eq. 6 and derived a value of ␥. Assuming compartment ratios of 8% arteriole, 70% capillary, and 22% venule (e.g., k 1 ‫ס‬ 0.08, k 2 ‫ס‬ 0.7, and k 3 ‫ס‬ 0.22; Gesztelyi et al., 1993) and assuming capillary saturation equals the average of the arteriole and venule values (k 5 ‫ס‬ 0.5), then ␥ ‫ס‬ 0.57, where ␥ ‫ס‬ k 3 + k 2 × k 5 . With ␥ ‫ס‬ 0.57, SaO 2 ‫ס‬ 98%, and SvO 2 values from Weiss et al. (1996) of 48% and 62%, we find StO 2 values of 69% and 77% respectively. Thus the cryomicrospectrophotometric values are in reasonable agreement with our transcranial in vivo measured value 69% ± 4%.
Cerebral blood volume and cerebral blood flow
It has been well documented in our laboratory and in the literature that filament occlusion of the MCA causes   FIG. 5 . Diffuse optical tomography images of (a-c) total hemoglobin concentrations [HbT], (d-f) tissue averaged hemoglobin saturation (StO 2 ), (g-i) baseline relative cerebral blood flow (rCBF) and (k-m) relative cerebral metabolic rat of oxygen (rCMRO 2 ). The middle cerebral artery was occluded from t = 5 min to t = 0, and the suture was retracted at t = 60 min resulting in reperfusion. Images are shown for time points representing baseline (t = −16.8 to −11.2 minutes), occlusion (+5.6 to +56 minutes), and reperfusion (t = 75.6 to 92.4 minutes).
a decrease in cerebral blood flow in the core of the middle cerebral artery territory to approximately 20% to 30% of pre-ischemic levels (Alkayed et al., 1998; Takahashi et al., 1997) . The cerebral blood flow in region 1 in the present study exhibited a decrease to only 42% of control values very soon after MCA occlusion and remained at this level throughout the occlusion period. This apparently milder flow decrease may be due to the size of the ROI, which probably is not totally confined to the core territory-it appears medial to the center of the ischemia (Figs. 4-6) . Similarly, a model-mismatch error in the depth of the reconstructed slice, as discussed below, may also report a milder flow decrease than expected.
During hypercapnia in the nonhuman primate, CBV is parametrically related to CBF, with rCBV ‫ס‬ rCBF a , where for healthy tissue ␣ ‫ס‬ 0.2-0.4 (Grubb et al., 1974) . In a previous study of hypercapnia in the rat, we obtained a value for ␣ of 0.23 (Cheung et al., 2001) . During ischemia (present study) ␣ ‫ס‬ 0.03, much lower than in hypercapnia. This flow-volume mismatch is consistent with magnetic resonance perfusion studies in stroke patients (Sorensen et al., 1999) and in rats (Zaharchuk et al., 2000) . In the Zaharchuk et al. (2000) study, regions with flow at rCBF ‫ס‬ 52% ± 17% and rCBF ‫ס‬ 36% ± 18% of baseline were found to have decreases in total CBV to rCBV ‫ס‬ 91% ± 17% and rCBV ‫ס‬ 72 ± 21%, respectively, at 1 hour. Although we found essentially no change in rCBV, our results are in reasonable agreement with the small CBV changes observed in the magnetic resonance study, considering the variance in both measures. Narayanan et al. (2000) used cryomicrospectrophotometric methods to examine ischemia in a MCAO preparation in the rat and found SvO 2 in ischemic cortex to be 12% ± 1.4% lower than control cortex. Using the compartment-model assumptions outlined previously and ⌬SvO 2 ‫ס‬ 11% yields ⌬StO 2 ‫ס‬ 7%. This decrease in StO 2 is less than the decrease we observed; however, the
Tissue hemoglobin oxygen saturation and oxygen extraction fraction
FIG. 6.
Regions of interest within the images were defined relative to bregma for; ROI-1, an ischemic region ( x = 0.3 to 4.8 mm, y = 2.7 to 4.5 mm); ROI-2, a peri-ischemic region towards midline (x = 0.3 to 4.8 mm, y = 0.9 to 2.7 mm); ROI-3, a posterior periischemic region (x = 4.8 to 6.6 mm, y = 0.9 to 4.5 mm); and ROI-4, a contra-lateral control region (x = 0.3 to 4.8 mm, y = 0.9 to 4.5 mm). 
FIG. 7.
The time traces of (a) [HbT] , (b) StO 2 , (c) rCBF, and (d) rCMRO 2 , in four regions of interest. Both StO 2 and rCBF are most reduced in the ischemic ROI-1 and reduced to lesser degrees in both peri-ischemic regions. Although rCMRO 2 is reduced in the ischemic ROI-1, and peri-ischemic ROI-2, the changes in rCBF and StO 2 are balanced in ROI-3. The cerebral blood volume is nominally constant through out all 4 ROI's.
flow values in ischemic tissue of the Narayanan et al. (2000) study decreased to only 55% of baseline, whereas in our study, flow decreased to 42% of baseline.
PET imaging of a cat MCAO preparation found a broad distribution of rOEF (120% to 200%) in the cortex for 60-minute occlusion (Heiss et al., 1994 (Heiss et al., , 1997 . Our results of a 139% increase in rOEF in ROI-1 are on the lower side of the PET observations and consistent with the lower flow numbers, indicating that ROI-1 is on the boarder of the infarct.
Index of cerebral metabolic rate of oxygen consumption
Narayanan et al. (2000) also calculated rCMRO 2 values using the cryomicrospectrophotometric technique. In two studies, they found rCMRO 2 values of 0.78 and 0.72 for ischemic regions with rCBF of 0.55 and rCBF 0.57, respectively (relative to control cortex). These decreases in CMRO 2 are between those found in the current study for ROI-1 and ROI-2, and are consistent with the respective rCBF values in both studies.
In PET studies in the cat using a bolus of inhaled 15 O 2 , Heiss et al. (1994 Heiss et al. ( , 1997 found rCMRO 2 decreases to 70% of control in the core during 60 minutes of occlusion. This value is for core tissue, presumably more ischemic than the tissue we sampled in ROI-1. The decrease in rCMRO 2 is, however, not appreciably different from the value obtained in the present study (0.59 ± 0.07). There are no comparable PET MCAO studies in the rat with which to make a more direct comparison.
Modeling assumptions for light propagation in tissues
Traditionally, NIRS methods assume a semi-infinite model (Haskell et al., 1994) or use an empirical pathlength model, such as the modified Beer-Lambert law (Kohl et al., 1998b; Nomura et al., 1997) , in which one assumes or measures an effective total pathlength at a particular wavelength and optode separation Fantini et al., 1999; Hueber et al., 2001; Kohl et al., 1998b; Patterson et al., 1989) . We have taken a similar approach but with differential DOT imaging methods, which avoid focal NIRS errors . We note that more involved algorithmic solutions have recently been developed to model the complex features of the head. Layered-structure (i.e., scalp, skull, and brain) and boundary effects were modeled with finite difference and finite element methods (Schweiger and Arridge, 1999) . Regions with lower scattering, such as the CSF, have been modeled with both Monte Carlo and analytic extensions to the diffusion approximation Firbank et al., 1996; Ripoll et al., 2000) . Use of anatomical data obtained from other imaging modalities has also been pursued (Barbour et al., 1995; Pogue and Paulsen, 1998) . However, few studies using reflection mode imaging of the brain, as described here, have Fig. 6 ). Occlusion severely restricts blood flow in ROI-1, and although rOEF increased, the tissue experienced a net drop in rCMRO 2 .
FIG. 8. Relative changes in (A) [HbT], (B) rOEF, (C) rCBF, and (D) rCMRO 2 , during occlusion in the four regions of interest (see
used the more advanced tomography methods. Because of the complexity of the flow measurement instrumentation used in these experiments, the data set has a relatively modest number of source-detector measurement pairs. These data are best served using the simpler linear approaches with analytic semi-infinite Green's functions. We note that few quantitative measurements of rat brain optical properties have been made. For comparison in rat, we have looked to cryomicrospectrophotometric values of hemoglobin concentrations.
Modeling assumptions for cerebral metabolic rate of oxygen
One of the caveats in synthesizing CMRO 2 is that NIRS traditionally measures tissue saturation. The accuracy of the calculated rCMRO 2 depends on the accuracy of the various assumptions that were made in its derivation. In particular, the error in rCMRO 2 will be dependent on the error in rOEF from Eq. 4. The error in OEF depends on both the actual measurement of StO 2 and the assumptions made in the calculation of SvO 2 from StO 2 . The relationship between SvO 2 and StO 2 (Eq. 6) contains ␥, which represents the percentage of blood volume contained in the venous component of the vascular system. The error in assuming that ␥ is constant during ischemia can be calculated as follows:
where ␥Ј is the actual venous volume fraction during ischemia and ␥ is the venous volume fraction before ischemia (‫ס‬venous volume fraction during ischemia assuming that ␥ does not change). Thus, a 10% increase in the effective venous volume fraction during ischemia will lead to a 9.1% underestimation of rOEF if ␥ is assumed to be constant, whereas a 10% decrease in the effective venous volume fraction leads to an 11.1% overestimation of rOEF. During ischemia there can be a decrease in both total cerebral blood volume and microvascular blood volume, with the microvascular blood volume decreasing approximately 10% more than total cerebral blood volume 1 hour into MCAO in the rat (Zaharchuk et al., 2000) . Although this translates into a 10% decrease in k 2 , the effect that this has on ␥ is dependent on how this capillary volume is redistributed. Under steady-state control conditions, the fraction of cerebral blood in the arterioles is approximately 0.08, the fraction in the capillaries is approximately 0.7, and the fraction in the venules is 0.22 (Gesztelyi et al., 1993) . We assume k5 ‫ס‬ 0.5. Thus, we can consider the error in rOEF if the decrease in the capillary volume is 30% during ischemia (Zaharchuk et al., 2000) . If the total volume remains constant and the capillary decrease (k2) is accommodated by a commensurate increase in the venous volume (k3), ␥ will increase by 10% to 27% depending on k 5 and lead to a 9% to 21% underestimation of rOEF (Fig. 9) . If we assume the capillary volume decrease (k2) is accommodated by commensurate and equal increases in both the venous (k3) and arteriolar (k1) volumes, ␥ will change by −8.6% to 8.6% (again depending k5) and lead to a modulation in the estimation of rOEF (−8% to 9%). Another possible model error is in the assumption that SaO 2 in the arterioles equals the systemic blood gas value S A O 2 (Intaglietta et al., 1996) . Weiss et al. (1996) found in cryomicrospectrophotometric measurements that SaO 2 in the cortex arterioles was significantly lower (94%) than in systemic blood gas measurements (98%). Using a lower value of SaO 2 ‫ס‬ 94% would result in a 7% higher rOEF for the ischemic ROI-1 and a slightly smaller decrease in rCMRO 2 (61% of control instead of 59% of control).
Although the baseline optical property data are well modeled by the semiinfinite diffuse photon density wave solution, it is instructive to considered the influence of alternate baseline optical properties. Cheng and Boas (1999) have investigated the errors that are introduced into DOT reconstructions when the baseline optical properties are incorrect. They have found that whereas the absolute concentrations are strongly influenced, the relative changes in concentration are not significantly altered. A 100% change in baseline optical properties introduces a less than a 5% error in relative concentrations. If, for example, baseline [HbT] ‫ס‬ 50 mol/L, this would not significantly affect the relative measures of rOEF and rCMRO 2 .
We note that, in principle, it is also possible to reconstruct scattering using the frequency domain data. Although very interesting within the context of ischemia, scattering images warrant a detailed discussion beyond the scope of this article and will be pursued in a future publication. The emphasis of the present report is on hemodynamic and CMRO 2 contrasts, which depend on absorption contrasts. Over the course of these observations (1 hour of MCA occlusion and 1 hour of reperfusion), the degree of cerebral edema is quite small, peaking at about 7% at the end of the reperfusion period (Lollmar et al., 2002) . Reports of in vivo light scattering measurements during stroke are limited. The magnitudes are fairly small (e.g., for cortical spreading depression ␦Ј s /Ј s < 10%; Kohl et al., 1998a ) and would have a minimal impact on our absorption analysis.
With the current unresolved modeling issues, the calculation is better regarded as an index of CMRO 2 rather than a direct measure. There are some promising methods that evaluate venous saturation through temporal correlations to breathing that may aid the compartmental analysis (Franceschini et al., 2001) . Similar issues are present with MRI data in which the values of CBV, BOLD, and CBF measures are combined to calculate CMRO 2 values (Hoge et al., 1999; Hyder et al., 1998; Mandeville et al., 1999) .
Ultimately, independent validation of rCMRO 2 through concurrent PET studies will be of great use, but such measurements are beyond the scope of this article. Instead, we have compared our measures with previous ex vivo cryomicrophotometric studies and in vivo PET studies and found reasonable agreement, though no PET rCMRO 2 studies have been performed for the specific rat model used here.
Comparison with previous diffuse optical studies
A few recent studies used diffuse optical measures to image lesions in the brain. Benaron and coworkers (Hintz et al., 1999) carried out an extensive clinical optical imaging study. Tomographic images were obtained from time-resolved data on eight neonates in the intensive care unit. Examination of optical images of hemoglobin saturation revealed focal regions of low oxygenation after intracranial hemorrhage. Blinded clinical comparison of optical images with ultrasound, computed tomography, and MRI demonstrated that the optical scan correlated well with both computed tomography and MRI findings. Kusaka et al. (2001) topographically imaged CBF using the NIRT system by Hitachi and indocyanine green (ICG) bolus kinetic methods. The NIRT CBF images of infants with infarcts and hemorrhage compared well with SPECT measures of CBF. In related animal studies, diffuse optical backprojection images of CBV were evaluated for detection thresholds of ischemia and hematoma in piglets . Importantly, the bolus kinetic flow images and the CBV detection threshold study used backprojection techniques, which lack the accuracy afforded by tomography methods with overlapping measurements.
Exposed cortex reflectance imaging, with both spectroscopy (Mayhew et al., 2000) and speckle contrast flow (Dunn et al., 2001 , Dunn et al., 2003 , provides increased resolution over the images presented in this paper. However, our DOT imaging is transcranial in rat and the skull is left completely intact. Reflectance imaging will not work in these situations. The skin can also be left intact for DOT studies (Siegel et al., 2003) , facilitating more practical longitudinal studies. Previous DOT with correlation flowmetry has been accomplished in phantoms (Boas and Yodh, 1997) and to a limited extent by backprojection in hypercapnia (Cheung et al., 2001) . To the best of our knowledge, the present images are the first in vivo images of rCBF obtained using the DOT correlation approach. One general advantage that correlation flowmetry imaging shares with laser Doppler and speckle contrast measures is relatively high temporal sampling rate. The laser speckle methods do not require bolus injections, and are therefore not hampered by bolus clearance times. For example, ICG has a clearance time of longer than 6 minutes, and PET and single-photon emission computed tomography flow measures typically have repetition times of minutes to hours With MRI, gadolinium injections have a clearance time of approximately 20 minutes. Recently, arterial spin labeling MRI methods have afforded improved temporal sampling (minutes); however, signal-to-noise considerations generally require approximately 20 minute frame averaging (Zaharchuk et al., 2000) . One advance of the Zaharchuk method was the ability to simultaneous image both CBV and CBF (Zaharchuk et al., 2000) with a signal-to-noise limited frame rate of ∼15 minutes. The DOT methods presented here simultaneously imaged flow, volume and tissue saturation concurrently with a frame rate of approximately 2.8 minutes.
CONCLUSION
We have derived images of rCMRO 2 using static and dynamic diffuse optical tomography. To our knowledge these are the first such images. The rCMRO 2 index is synthesized from diffuse optical measures of CBF and OEF obtained from correlation spectroscopy and absorption spectroscopy respectively. This index of metabolism yielded rCMRO 2 for penumbral tissue in reasonable agreement with previous cryomicrospectrophotometric and PET studies of ischemia. In addition in previous papers, synthesis of the same variables during hypercapnia (Cheung et al., 2001 ) and hypoxia (Culver et al., 2002a) did not show a modulation in rCMRO 2 , though similar changes in flow and oxygen extraction fractions were observed. These results indicate that the synthesis of these independent optical measures correctly characterizes trends in rCBF, rCBV, rOEF, and rCMRO 2 . We also provided simultaneous rCBF and rCBV measures that show a flow-volume mismatch, which has been recently observed with MRI, and may have potential use for evaluation of ischemia progression.
Therapeutic interventions can benefit greatly from quantitative, temporally dense serial mapping of brain function and pathophysiology. Optical imaging, as demonstrated in this article, affords the opportunity to simultaneously measure all of the relevant hemodynamic parameters including blood oxygenation, blood flow, and blood volume. Furthermore, optical technology is amenable to dense temporal sampling for longitudinal studies, something that can be impractical with fMRI and PET. Though correlation spectroscopy may be more limited than traditional NIRS methods with respect to depth of penetration, there should be opportunities in pediatrics. Furthermore, bolus kinetic methods for flow can be used in adult humans and so the methods presented for generating rCMRO 2 images can be extended to adults using DOT bolus flow images.
We emphasize that the reported spatio-temporal performance is not limited by fundamental DOT physics, but rather by the current instrumentation. In particular, the system used in the present studies is limited by the channel count (4 detectors and 12 sources), the switching speed between source positions, and the data-acquisition rate of the correlation flowmetry instrumentation. In principle, these need not be limiting factors, and it is fairly straightforward to engineer solutions for them. The detector channel count can be increased, the source switch time can be drastically decreased through use of galvo-based systems, and the correlation instrumentation acquisition speed can also be increased. Collectively, these advances would significantly enhance imaging performance, providing approximately 10-Hz frame rates, full-head three-dimensional imaging, and cortical resolution of approximately 1 mm. For example, high sampling rates have already been achieved with continuouswave imaging systems for studies of functional activation (concentration only) (Siegel et al., 2003) ; we have also achieved large fields of view and threedimensional imaging in the context of diffuse optical breast imaging . These and other areas of system advancement have been realized with subsets of the demonstrated technology. As new systems synthesizing these advances are developed, we expect the quality of information obtained with DOT to greatly improve, yielding an important tool for studies of, for example, stroke physiology.
APPENDIX
Reconstructing hemoglobin concentrations
We modeled frequency-domain diffuse photon density waves using an extrapolated zero boundary, semi-infinite media solution (Haskell et al., 1994) . The diffuse wave fluence rate, ⌽ 
ͪ. (A1)
The attenuation coefficient, k, is defined k 2 ‫ס‬ 3 s Ј (−i/ + a ), where a is the tissue absorption coefficient, s Ј is the tissue scattering coefficient, is the source modulation frequency, is the speed of light in the medium, and S 0 is the point-source amplitude and phase. The distances to the real source, r 1 = |r s(i) − z o ẑ‫מ‬r d(i) |, and the image source, r 2 = |r s(i) + ͑z o + 2z B ͒ẑ − r d(i) |, are defined by a source depth, z o ‫ס‬ 1/ s Ј, and z B ‫ס‬ 2/3 s Ј, the extrapolated zero boundary distance.
Differential image reconstructions were obtained using a linear Rytov approximation approach (Kak and Slaney, 1988) . In this scheme, the total diffuse wave fluence, ⌽, is written as
The total fluence, ⌽, consists of a background field, ⌽ o , which depends on background optical properties, and a perturbed field, ⌽ scat , which is linearly related to a set of spatial variations in the optical properties ␦ a and ␦ s Ј. Experimental measurements of ⌽ on the sample surface lead to images of the spatially varying absorption via solution of a least-squares problem. In this work, we only used the intensity data and only reconstructed absorption perturbations. The Rytov formulation of the scattered field is written in discrete notation as y ‫ס‬ Ax with the following definitions Oleary et al., 1995) : 
Here, r s(i) and r d(i) are the position of the i th source and i th detector, respectively, and G is the Greens function of the photon diffusion equation for the given the boundary conditions and optical properties. The semi-infinite solution discussed previously was used to calculate G. The inverse problem, with Tikhonov regularization, is expressed as minimizing the following objective function: min ͕y meas − Ax 2 2 + ␣Lx 2 2 }.
The penalty term for image variance, ␣Lx 2 2 , is a pseudonorm, and depth-dependent regularization was used where the diagonal of L ‫ס‬ sqrt(diag(A . Finally, the images were smoothed with a Gaussian filter with FWHM ‫ס‬ 1.5 mm. The value of ␣ and the Gaussian smoothing kernel were optimized to provide even imaging across the field of view as judged by evaluating point, line, and half-space objects using a resolution matrix analysis and contrast to noise assessments .
Reconstructing flow
Flow reconstructions followed a similar scheme as the hemoglobin reconstructions. The diffuse light electric In addition to the source and detector positions, the correlation data are parameterized by a correlation decay time (). To reduce the data size, a single time point was chosen for each source-detector pair. In particular, a time was chosen such that
and at which the correlation has decayed to 1/e from the ‫ס‬ 0 value. An approximate solution, k D ͑ i ͒ − k͑ = 0͒ = 1րԽr s i − r d i Խ, was used to define a i for each sourced detector pair and in turn defined the sensitivity matrix A.
The flow sensitivity matrix was inverted using the same approach as discussed previously, and flow images were obtained using i = 1
The scattered fields at time were generated by fitting the individual curves to semiinfinite solutions for ⌫ i (t) so as to integrate the signal over the entire decay curve acquired. The scattered field, y i (t), was then computed from the fitted x = A F,␣ # y meas . Because the flow perturbations are quite large, the reconstructions were scaled to match the bulk semiinfinite calculations over matching tissue volumes.
Once the inverted sensitivity matrices were computed, as outlined in this Appendix, they were stored and used to convert the raw data vectors for both hemoglobin concentrations and flow into time-series images for each rat.
